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ABSTRACT 
This article describes the theoretical development and design of a real-time microcirculation imaging system, an 
extension from a previously technology developed by our group. The technology utilises polarisation spectroscopy, a 
technique used in order to selectively gate photons returning from various compartments of human skin tissue, namely 
from the superficial layers of the epidermis, and the deeper backscattered light from the dermal matrix. A consumer-end 
digital camcorder captures colour data with three individual CCDs, and a custom designed light source consisting of a 24 
LED ring light provides broadband illumination over the 400 nm – 700 nm wavelength region. Theory developed leads 
to an image processing algorithm, the output of which scales linearly with increasing red blood cell (RBC) concentration. 
Processed images are displayed online in real-time at a rate of 25 frames s-1, at a frame size of 256 x 256 pixels, and is 
limited only by computer RAM memory and processing speed. General demonstrations of the technique in vivo display 
several advantages over similar technology.  
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1. INTRODUCTION 
Ability of real time imaging of human skin microcirculation has in recent times become an increasing research area. 
Many inroads have been made towards developing cost-effective technology for real-time application in skin 
microcirculation investigation, but as of yet there is no device currently used day-to-day in a clinical environment. With 
the ever-increasing speed, processing power and storage capacity of devices, it is a mere matter of time before a fast, 
objective wide-field imaging technique replaces the invasive methods of radio-isotope clearing, thermal clearing and 
strain guage plethysmography [1, 2].  
Examples of relevant research and clinical importance in the assessment of the microcirculation of the skin are 
monitoring of skin grafts over time (rejection of graft), drug development where the effect of vasoactive agents on the 
microcirculation need to be known, as well as skin conditions relating the irritation and allergic reaction to certain 
agents. More examples of investigations into skin microcirculation study are wound healing, and non-healing diabetic 
ulcers, and physiological aberrations such as Raynauds phenomenon. As well as clinical conditions, real-time 
investigations in research conditions can be investigated. The cold-induced vasodilation (CIVD) reaction is important 
physiological reaction of skin blood vessels, which is thought to reduce the risk of local cold injuries [3, 4] and improves 
and tactile sensitivity in cold environments. The origins and mechanism of CIVD are still unknown, and the link between 
CIVD to the thermoregulatory arterio-venous anastomoses (AVAs), and vasomotion of the skin’s blood vessels is still 
unclear. A clearer understanding of the CIVD mechanism could be obtained with a fast, objective imaging technology to 
investigate skin microcirculation. Diagnosis of these conditions is still based on subjective, observational techniques, due 
to the today’s current lack of user-independent technologies in the clinical environment.  
Popular high speed techniques developed to investigate the skin’s microcirculation include laser Doppler perfusion 
imaging (LDPI) and laser speckle imaging (LSI), which present blood perfusion on a 2D pseudo colour coded scale, 
where high and low flow are respresented by red and blue colours respectively [5, 6]. Neither technique disturbs the 
subject tissue state, and are completely non-invasive. 
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The most successful technique, LDPI sequentially steers and rasters a monochromatic focused laser point across the 
tissue surface in order to create the perfusion image, which can take a minimum time of 4.36 minutes for an image of 
256x256 pixels for a commercially available imager [7]. Limitations of the technique include the long scan time, which 
can cause temporal heterogeneity to be interpreted as spatial heterogeneity, low image resolution, motion artifacts during 
imaging [8], high cost, and limited portability, signal interference in dark skin [9] and the inability to register decreases 
in blood flow below normal levels [10, 11]. Various commercial companies have different calibration techniques for 
LDPI imagers as no gold standard exists [12], and a recent European-wide project addressed manly the technical aspects 
of how experiments should be performed and what precautions should be taken to ensure valid results [13,14]. Recent 
advances in commercial LDPI by Moor Instruments rasters a line in a vertical fashion, thus reducing the acquisition time 
to 5 seconds for 50x64 pixels [15]. Research still continues on full-field LDPI methods with parallel detection of 
frequency shifted light [16] which still requires on the order of 90 seconds refresh rate for a 256x256 perfusion image 
[17]. The immediate benefit of this technique is that all measurements are made simultaneously rather than sequentially 
with a conventional or line scanning LDPI device [18]. Thus, although LDPI has surfaced in many hundreds of 
applications, for example quantification of skin erythema in skin irritant and detailing critical parameters of the 
iontophoresis process [19], its inability to gain implementation in the clinical care situation can be attributed to the above 
limitations, as well as high financial cost, and sensitivity to ambient light in a clinical setting. The laser power required to 
illuminate a full-field area in parallel LDPI, while required, is increased from the standard LDPI laser, with laser powers 
of 50 mW – 80 mW, leading to a higher classification of IIIb which may pose health and safety considerations.  
The LSI technique has recently become commercially available, owing to work originating in the early 1980’s, which 
visualized blood flow in the human retina and skin [20,21]. Based on the principles of interference patterns created by 
static and moving particles in tissue over time, the technique can operate with a wide-field Class I laser source  (1 mW) 
at 785 nm, (or a Class IIIb – 14 mW at 635 nm).  The method of operation is similar to LDPI, and it has been observed 
that the techniques are merely two different ways to arrive at the same result [22]. Today, approximately 30 groups are 
estimated to be developing or using the technique. Lateral resolution is given as 50 µm (although work continues on 
reducing this to 5 µm), and velocity distributions are coded as variations in the speckle contrast pattern. Thus an intensity 
map of this speckle contrast variation (and thus velocity distribution) is presented for easy perception. Polarization filters 
are often employed to reduce the amount of specular reflection received by the CCD [23, 24]. LSI has been observed as 
being more versatile than conventional LDPI, owing mainly to larger image resolution and increased temporal 
resolution. Current technology allows the display of blood flow at 25 fps at a typical resolution of 640x480 pixels 
(768x576 pixels is also possible). The area of tissue imaged is adjustable. A recent advancement removes the limitation 
that the speckle contrast is not linearly related to the red blood cell velocity, but the technique is however, not without its 
limitations. Non-zero baseline values of contrast due to non-fluctuating static scattering have been known to significantly 
influence the resulting values of contrast. [23, 24]. Also the F-stop (aperture) of the camera needs to be adjusted so that 1 
speckle is approximately the size of a pixels in the CCD [2] and the camera integration time needs adjustment depending 
on the speed of the flow to be measured, in order to stop the signal being averaged out [6].  Thus adjustments need to be 
made before a tissue area can be imaged in a reproducible manner. The depth of measurement is still under debate, with 
Moor Instruments stating that it is much shallower than LDPI [25], although a recent study has noticed the depth of 
measurement of LSI is the same as laser Doppler measurements [26]. 
1.1 Polarisation Imaging 
Technology presented in this work employs the polarisation imaging method, which has previously been used to image 
the surface topography of the skin. Fig. 1 outlines the basic premise of polarisation imaging. Briefly, when 
monochromatic or white incoherent light is linearly polarised by a filter and is incident on the surface of the skin, 
approximately 5% of the light is specularly reflected as surface glare (Fresnel reflection) from the skin surface due to 
refractive index mismatching between the two media. A further 2% of the original light is reflected from the superficial 
subsurface layers of the stratum corneum. These two previous fractions of light retain their original polarisation state. 
The remaining 93% of light penetrates through the epidermis to be absorbed, or backscattered by the epidermal or 
dermal matrix. Approximately 46% of this remaining light is absorbed by the tissue and not re-emitted, while 46% is 
diffusely backscattered in the dermal tissue. This backscattered portion is exponentially depolarised due to scattering 
events by chromophores present in the tissue [27], and also by tissue birefringence due to collagen fibres [28].  
The depth of penetration of polarised light is heavily dependent on the optical properties of the medium at each 
present wavelength [29]. Upon re-emerging from the tissue structure as diffusely reflected light, the remaining fraction 
of light is almost completely depolarised, and consists of two 22% fractions of parallel and perpendicular polarisations, 
SPIE-OSA Vol. 6631  66310O-2
Light source Detector
PF1
capillary loops abs. 46%
5%
2
 
 
with respect to the direction of the original filter. This light contains information about the main chromophores in the 
epidermis (melanin) and dermis (haemoglobin), while the surface reflections contain information about the surface 
topography, such as texture and wrinkles. On detection by a CCD or similar light collecting device, one can differentiate 
between the surface reflections or a fraction of the diffusely backscattered light by placing another polarisation filter over 
the detector parallel or perpendicular with respect to the direction of the filter over the light emitter. With both filters 
oriented either parallel or perpendicular with respect to each other, co-polarised (CO) or cross-polarised (CR) data 
respectively, is obtained. This allows the gating of photons, and the technique is based on the assumption that weakly 
scattered light (the surface reflections) retains its polarisation state, whereas strongly scattered light will successively 
depolarise with each scattering event. It has been suggested that more than 10 scattering events are required to 
sufficiently depolarise light. [30,31] 
 
Fig. 1. Operation of subsurface polarisation imaging. LP and DP represent linear and depolarised light respectively. PF1 and 
PF2 are orthogonally placed polarisation filters. The intensity I is shown at various points between emission and 
detection. SR represents specular reflection and reflection from the upper layers of the stratum corneum. All values are 
approximate values.  
2. THEORY 
Many techniques have employed an image (or data) processing equation, which requires the acquisition of both CO and 
CR data [32-35] either simultaneously or sequentially. The equation represents a normalised difference between CO and 
CR data, and the final image represents a composite image displaying skin surface histology, and no information about 
the underlying blood concentration is recorded. Our technique requires only the CR image to be acquired 
spectroscopically, and is colour filtered by optics within the camera technology. Thus we adapt the fundamental equation 
for the wavelength-dependent intensity of backscattered light with a perpendicular polarization to the incident polarized 
light [36]: 
 ( ) )()()( 00 λλλλ ∆∆∆∝∆ depidper RTIkI      (1) 
where k0(∆λ) represents the fraction of the total emitted light intensity I0 within the wavelength interval ∆λ¸ impinging on 
the skin, Tepid(∆λ) represents the transmission properties of the epidermal layer, and Rd(∆λ) represents diffusely reflected 
light in the area of the reticular dermis. In practice, k0(∆λ) is further normalized when the detected intensity is modulated 
by a factor taking account of the output spectrum, filter characteristics and detector efficiency at the respective 
wavelengths. We employ an algorithm which takes advantage of the fact that green light is absorbed to the higher extent 
by red blood cells (RBCs) than red light, while both types of light are absorbed to approximately the same low amount in 
the surrounding tissue. A variable called the Tissue Viability Index is defined as: 
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where Iper(∆λr) and Iper(∆λg) represent the wavelength-dependent intensity of backscattered light in the red and green 
wavelength regions respectively with a perpendicular polarization to the incident polarized light, k1 is a constant that can 
be fitted for best algorithm performance, and kgain is a constant that represents the gain factor. We use the Kubelka-Munk 
theory of light propagation in tissue [37] and subsequent derivations from diffusion theory [38, 39], and modelling the 
epidermal layer as an absorption filter with the transmission function [40]: 
( ) ( )xepid aEPIDeT λµλ ∆−=∆ 2      (3) 
where µaEPID is the wavelength-dependent absorption coefficient of the epidermal layer and x is the layer thickness. A 
final expanded equation can be reached: 
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Where Rd(∆λ) represents the diffusely reflected light from the reticular dermis and can be explicitly stated as: 
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The absorption and scattering coefficients in the wavelength regions (µa(∆λ) and µs(∆λ) respectively) are composed of 
two parts, one relating to the RBC, and the other part relating to the surrounding tissue. They are explicitly stated as: 
( ) ( ) ( ) ( )λµλµλµ ∆−+∆=∆ aTISSUEfRBCafa RBCRBC 1    (6) 
( ) ( ) ( ) ( )λµλµλµ ∆−+∆=∆ sTISSUEfRBCsfs RBCRBC 1     (7) 
where RBCf represents the fraction of RBCs occupying the tissue volume, and  µaRBC(∆λ), µaTISSUE(∆λ), µsRBC(∆λ) 
µsTISSUE(∆λ) represent absorption and scattering properties of red blood cells and surrounding dermal tissue. Values of 
these optical properties which are used for simulations are taken from the literature [41-43]. Our previous work [44] 
shows that simulation of the theory over the physiological RBC concentration (0%-4%) shows a linear relationship 
between proposed variable TiViindex and RBCf, and also shows insensitivity to oxygenation between physiological range 
60% - 100%, while also showing only minimal differences  in the relationship when the optical properties are changed 
by ±5%.  Monte Carlo simulations have estimated the imaging depth of the technique to be on the order of 400 µm – 500 
µm.  
3. METHODOLOGY 
3.1 Hardware 
A standard digital camcorder was chosen to perform RBC concentration measurements by way of Eqn. 4. The video 
capturing device, ID2 (Panasonic NV-GS150, Panasonic, Japan) was chosen for its colour filtering capabilities and live 
data streaming properties. Digital still cameras capture colour data by way of a Bayer filter array. This is a grid of red 
green and blue filters, requiring the camera to perform complex interpolation algorithms involving the nearest neighbour 
pixel values in order to compute RGB intensities at all points. This requires a significant amount of time (≈0.3 s), and 
thus reduces the maximum acquisition speed of a digital camera. Since digital camcorders cannot afford the cost of long 
processing time to create a final image for each movie frame owing to faster acquisition time (25 fps), a Bayer filter will 
not be a viable method of colour representation. ID2 has 3 individual CCDs for each of the primary colours, leading to 
enhanced colour representation over many consumer-end video devices. Fig. 2 shows the difference in colour filtering 
between 3 devices, the TiVi600 imager previously developed [44], ID2 presented here, and another camcorder employing 
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the Bayer colour filtering method. It can be seen from the figure that colour filtering in ID3 is less effective than the 
3CCD method due to larger overlapping between the R and G responses. 
 
Fig. 2. Colour filtering capabilities of the TiVi600 imager, ID2 (real time system) and a consumer end camcorder (ID3) 
employing the Bayer colour filtering method in the red (R) and green (G) wavelength regions.  Note the larger overlap 
between G and R for ID3.  
 
Image processing of CR images was carried out by application of the equation:  
Μ−Μ=Μ pout e        (8) 
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     (9) 
Mred and Mgreen represent Rd(∆λr) and Rd(∆λg) and are the colour planes of the RGB image. Mout represents a matrix of 
TiViindex values and is displayed as a pseudo-colour image where blue and red colour represent low and high RBC 
concentration respectively. The empirical factor p produces the best linear performance over the 0% - 4% RBCf interval, 
and is set to a value of 2.6.  
A constant light source was required, since for the TiVi600 imager the flash of the camera was used as the white light 
source. A ring-light consisting of 24 superbright white LEDs was constructed and placed around an adapter which holds 
a linear polarisation filter in front of the device lens. A linear polariser was placed in front of the LEDs, with pass 
direction orthogonal to the lens filter. Fig. 3 describes the ring-light and its fitting onto ID2. The spectrum of the LEDs is 
similar to the TiVi600 light source spectrum (xenon gas), with an average difference of 4.5% over the entire spectrum. 
The ring-light was powered by a USB connection to a local computer for ease of use.  
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Fig. 3. The constructed ring-light and its use. 24 LEDs are powered by a USB connection to a local PC. The frame and 
adapter fits onto the end of the imaging device ID2. A ring of orthogonally placed polariser (not shown) is placed 
above the LEDs only.  
 
3.2 Software 
A graphical user interface (GUI) was written in MATLAB 7.0.1 (The Mathworks, USA) in order to control data 
acquisition from the device. ID2 is connected by IEEE1394 (FireWire) connection to a PC, which is rapidly becoming a 
standard port for video device communication. Maximum acquisition speed and resolution of the device is 25 fps at a 
frame size of 720x576 pixels. The program was designed to acquire n frames per second, where n = 1 → ….25, thus 
allowing variation of the temporal resolution. An online display performs real-time image processing via application of 
Eqn. 8 to the video stream, and the stream can be written to the hard drive as a sequential series of images for further 
processing if required. The frame acquisition is program is completely back-compatible with the main TiVi600 data 
analysis program, and saved frames can be analysed with this program. A live video stream can also be observed on a 
different channel, thus allowing constant observation of the subject area under investigation, and allows careful 
positioning of the video imager. The full-size display is limited only by computer processing power, and on our system 
(Dell DIM9100, Pentium 4 3GHz, 2GB RAM) is limited to a display rate of 8 fps, although acquisition to the hard drive 
can continue at 25 fps for offline processing.  The software works on a standard Windows XP platform and requires only 
the MATLAB software and no extra video codecs or frame acquisition cards.   
4. SYSTEM COMAPARISON 
4.1 Evaluation 
A video flow model was created to examine the linearity of the TiViindex-RBCf response, and to investigate if the 
theoretically determined value of p = 2.6 is accurate for video acquisition. Fresh human blood was spun in a centrifuge at 
220 rpm for 10 minutes in order to obtain 100% RBCf. 4 ml of pure RBCs was mixed with 96 ml of physiological saline 
and infused through a tubing model wound tightly onto a skin simulating background in steps of 4% to 0% in steps of 
0.2%. Maximal oxygen saturation was obtained by constant stirring of the mixtures. For each mixture in the tubing, 25 
frames (1second) were obtained and averaged together to form a single frame. The mixture was flushed from the tubing 
using water and then air to remove any excess liquid. The procedure was repeated for each mixture, and care was taken 
not to disturb the device or tubing setup. Application of Eqn. 8 through the system software shows the most linear 
response with p = 2.6, indicating that algorithm adjustment between systems is not necessary.  
Output values of the algorithm for both devices were investigated by a simulation experiment, where red squares of 
varying RGB values were placed on a page and imaged by both devices. The value of R was set to 255 for all squares, 
and the first square R and B values were 0, 0. For each successive square, G and B were increases by 10, leading to the 
colour white for the last square. As can be seen from Fig. 4. the ouput of both imaging devices is similar, with a slight 
offset on the side of the TiVi600. This can be explained by the fact that the TiVi600 will never register a triplet of 0,0,0 
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for a pure black colour, but will always have an offset of approximately 10 in each colour plane. Thus when the effect of 
this offset is subtracted from the TiVi600 data, the data fits the “idealized agreement” between the devices.  
 
 
Fig. 4. Left – output of both devices, with an almost ideal agreement between output variable. The offset in the TiVi600 
imager causes the entire linear relationship to be shifted slightly to the right. Upon subtraction of this offset, the 
relationship fits the idealized agreement with R2>0.9. Right – Linear relationship between output variable TiViindex and 
RBCf as detailed by Eqn. 8. TiViindex is defined as an average value of Mout for a user-defined region of interest. Values 
are shown with ± one standard deviation of 25 frames. A simulation of Eqn. 8 using values from literature is shown for 
comparison.  
5. IN VIVO DEMONSTRATION 
Device ID2 was tested in vivo on basic situations requiring good spatial and temporal resolution. Fig 5 shows graphically 
the occurrence of an occlusion to the cephalic vein on the fingers of the left hand. Increased concentration occurs under 
occlusion of the cephalic vein at 80 mmHg because the pressure is not high enough to close the brachial artery. Thus the 
RBCs become “trapped” in the microcirculation, and the concentration increases. In order to investigate the sensitivity of 
the device, a sphygmomanometer was placed on the upper arm of a healthy young subject and the cuff inflated in steps 
of 10 mmHg every 60 seconds. 125 frames (5 seconds) were acquired from the volar region of the forearm, marked by a 
3 cm x 3 cm square margin. This site shows fewer fluctuations in RBC concentration than the fingers, due to the 
papillary loops being located deeper into the tissue. The area is also a typical site for skin testing and examinations. As 
can be observed in Fig.6, an increase of 10 mmHg on the cuff causes an increase in TiViindex. The increases are not linear, 
and upon decreasing the cuff pressure from 80 mmHg back to 10 mmHg, the resulting curve is not symmetrical. Thus 30 
seconds after the removal of the 10 mmHg pressure the pre-occlusion RBC concentration has not yet been reached 
(similar to the situation shown in Fig. 5). It is proposed that waiting a longer time between measurements would cause 
the pre and post occlusion concentrations to be approximately equal. A temporal trace (duplex mode) of a quick reactive 
hyperaemia manoeuvre can be observed in Fig. 7, and vasomotion during the process is seen.   
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Fig. 5. Video frames displaying the onset of an occlusion to the cephalic vein of the left arm. Increased concentration occurs 
under occlusion due to the RBCs becoming trapped in the microcirculation, because at 80 mmHg, the venous return is 
occluded. 30 seconds post occlusion shows a higher than pre-occlusion level.  
 
Fig. 6. Response from the volar forearm of increases in 10 mmHg of pressure of a sphygmomanometer placed on the upper 
arm. Each pressure was allowed to acclimatise for 10 seconds. Data is plotted ± one standard deviation of 125 frames 
(5 seconds). It can be seen that the post occlusion RBC concentration remains higher than the pre-occlusion level.  
 
Fig. 7. Temporal trace (duplex mode) of an occlusion of the cephalic vein of the upper arm, monitored by a 200 x 200 pixel 
area on the volar forearm. The clear increase in concentration of RBCs in the microcirculation is observed. Vasomotion 
of the vessels is also observed during and after occlusion. Note that the pre occlusion TiViindex varies from the post 
occlusion value after 30 seconds.  
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6. CONCLUSIONS 
We have described the design and construction of a novel device for real-time imaging relative RBC concentration in the 
human skin microcirculation. An image processing algorithm is derived from Kubelka-Munk theory, and is applied to 
images acquired using polarisation spectroscopy. The algorithm output scales linearly with increasing RBC 
concentration, and is proved by way of simulation and experiment. A calibration experiment compares currently 
available technology, the TiVi600 imager with the new real-time technique, and an almost ideal output between the 2 
devices can be observed. Real-time acquisition can be performed at a speed of 25 fps, with an online image processing 
display of 8 fps on a standard PC, and is limited only by computer processing speed. The device was tested in vivo by 
occlusion of the cephalic vein of the upper arm by a pressure cuff, and the sensitivity analysed. The device was able to 
distinguish between 10 mmHg of pressure on the cuff when a ROI was taken from the volar forearm, and a temporal 
trace displays vasomotion of the vessels during the reactive hyperaemia. Future work will examine temporally limited 
situations of RBC concentration in the microcirculation, not able to be investigated by current spectroscopic techniques.  
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